The problem of optical scattering was long thought to fundamentally limit the depth at which light could be focused through turbid media such as fog or biological tissue. However, recent work in the field of wavefront shaping has demonstrated that by properly shaping the input light field, light can be noninvasively focused to desired locations deep inside scattering media. This has led to the development of several new techniques which have the potential to enhance the capabilities of existing optical tools in biomedicine. Unfortunately, extending these methods to living tissue has a number of challenges related to the requirements for noninvasive guidestar operation, speed, and focusing fidelity. Of existing wavefront shaping methods, time-reversed ultrasonically encoded (TRUE) focusing is well suited for applications in living tissue since it uses ultrasound as a guidestar which enables noninvasive operation and provides compatibility with optical phase conjugation for high-speed operation. In this paper, we will discuss the results of our recent work to apply TRUE focusing for optogenetic modulation, which enables enhanced optogenetic stimulation deep in tissue with a 4-fold spatial resolution improvement in 800-micron thick acute brain slices compared to conventional focusing, and summarize future directions to further extend the impact of wavefront shaping technologies in biomedicine.
INTRODUCTION
Focusing light deep into biological tissue has been an important area of research in optics for many years. Using light to interrogate biological systems has many advantages since optical methods can be noninvasive, nonionizing, exploit a wide range of contrast mechanisms, and support excellent temporal and spatial resolutions. However, one of the overriding challenges for optical imaging is its limited penetration depth in biological tissue. In contrast to other imaging modalities such as MRI or X-ray which can penetrate through centimeter thick biological structures, high-resolution optical imaging can conventionally be achieved only at superficial depths on the order of several hundred micrometers. This is due to the strong refractive index heterogeneity of biological tissue in the optical portion of the electromagnetic spectrum which causes light to be strongly scattered by tissue as it propagates 1 .
Traditionally, methods have been developed to deal with the strong scattering nature of tissue by exploiting the fact that longer wavelengths (e.g., in the near-infrared and infrared regime) are in general much less strongly scattered by biological tissue. For approaches such as multi-photon microscopy, this enables penetration depths 2-10 times greater than those available using single photon approaches 2 . However, even multi-photon microscopy is limited by its efficiency and maximum penetration depths which are on the order of a few millimeters. This is a consequence of not directly addressing the problem of scattering.
Other classes of optical technologies take a different approach to deal with scattering. Whereas typical microscopy techniques such as confocal or multi-photon microscopy treat scattered light as noise and try to gate it out, techniques such as diffuse optical tomography (DOT) try to capture and use the scattered light to infer certain characteristics of the tissue using a model of the scattering process. Other methods exploit additional contrast mechanisms such as the acoustic signal generated by light absorption that is used in photoacoustic tomography (PAT) to generate 3-dimensional images of optical absorption by collecting and processing the emitted ultrasonic waves. However, these methods also do not treat the underlying fundamental issue of light scattering. In principle, the process of light scattering is a deterministic process which is dictated by the composition and arrangement of the scattering components inside the scattering medium. In short, this means that if the composition of the scattering medium is known, the scattering process can be exactly predicted by the physics of wave propagation. Furthermore, the deterministic nature of scattering can be exploited without having to completely determine the physical composition of the scattering medium.
Following the demonstration in 2007 by Vellekoop et al. 3 that the addition of a scattering medium in an optical system can actually enhance the ability to form a strong optical focus, many additional techniques were developed to focus light through or inside scattering media. Of particular interest are those developed to focus light inside scattering media instead of through them since these are more directly applicable for practical bioimaging and light delivery. These methods require a guidestar mechanism inside the medium to tag light passing through a location of interest. Popular guidestar mechanisms include fluorescent 4 , kinetic 5, 6 , photoacoustic 7-10 , ultrasonic [11] [12] [13] [14] , ultrasound microbubble 15 , and magnetic particle 16 based strategies. Of these, the ultrasound guidestar used in time-reversed ultrasonically encoded (TRUE) focusing 12 offers the unique benefit of being noninvasive and freely addressable thus making it well suited for focusing inside biological systems.
Optogenetics is one developing area of research in biomedicine where noninvasive light delivery deep inside tissue can be of great use 17 . By genetically encoding light sensitive transmembrane proteins, neural activity can be excited or inhibited. However, current state of the art methods to deliver light to activate neurons of interest in regions of the brain below the superficial layers mainly rely on the implantation of optical elements such as optical fibers or gradient refractive index (GRIN) lenses 18 . While these enable much deeper penetration depths by physically channeling the light inside a waveguide structure, they are invasive in nature which can lead to damage and perturbation of the neural system being studied. In this paper, we describe the development and implementation of an integrated TRUE focusing and patch clamp electrophysiology system. After demonstrating the ability to focus through 2-mm-thick living brain tissue with the TRUE focusing system, we perform patch clamp recordings of optogenetically evoked photocurrents in 800-µm-thick brain tissue slices and demonstrate that TRUE focusing can enable a 4-fold improvement in the resolution of optogenetic modulation 19 . This represents the first demonstration of TRUE focusing in living brain tissue and is an important step in the translation of wavefront shaping tools for practical applications such as optogenetics in vivo. Fig. 1(a-c) ) and photograph ( Fig. 1(d) ) of the main portion of the experimental setup. A custom-built differential interference contrast (DIC) microscope is used to visualize the superficial layers of the acute brain slice and a glass electrode is used to patch clamp an individual neuron ( Fig. 1(a) ). Then, the DIC microscope objective is translated out of the chamber and the lens tube and ultrasound transducer are translated into the chamber, with the ultrasound focus located at the tip of the patch pipette electrode. Using the TRUE focusing procedure, an optical focus is formed on the neuron and used to elicit optogenetically induced signals which are monitored in either current or voltage clamp mode using the electrode (Fig. 1(b-c) ).
METHODOLOGY
A simplified schematic of the TRUE focusing system operation for optogenetic modulation is shown in Fig. 2 . The TRUE focusing procedure consists of two steps, recording ( Fig. 2(a1) ) and playback ( Fig. 2(a2) ). In the recording step, a pulse of ultrasound (50 MHz) is focused to the desired focusing location while a pulse of light from the probe beam (532 nm) is sent into the tissue sample. The pulses are timed so that the light pulse passes through the tissue while the ultrasound is at the focus of the acoustic lens. Because the acoustic properties of brain tissue are relatively homogenous, the ultrasound can be tightly focused with conventional acoustic focusing techniques. However, the strong optical heterogeneity of the tissue causes light to be strongly scattered. After the light passes through the tissue, the scattered light field is measured using the camera in the digital optical phase conjugation (DOPC) system. Then, the conjugate phase map of the light field is calculated and displayed on the spatial light modulator (SLM) of the DOPC system and a blank beam is reflected off the SLM to form the playback beam. This beam passes through the tissue, and according to the principle of time-reversal, passes through the location of the ultrasound focus in the recording step, forming an optical focus at that location. Fig. 2(b) shows the setup used to measure the conventional focusing of light through the brain slice, with light focused through the tissue from below and the scattered light profile measured from above. Results from focusing light with conventional and TRUE focusing through a variety of brain slice thicknesses are shown in Fig 2(c) . As the tissue becomes thicker, the conventional focus diffuses and after a thickness of 1000 µm, no recognizable focus profile can be distinguished within the 580 × 580-µm 2 field of view. In contrast, because the TRUE focusing technique shapes the wavefront to counteract the effects of scattering, a clear optical focus at the resolution of the ultrasound focus (~30 µm) can be maintained through the tissue regardless of its thickness. The full widths at half maximum (FWHM) of the focus profiles across the series of tissue thicknesses are shown in Fig. 2(d) . 
RESULTS
The results from optogenetic experiments with TRUE focusing are displayed in Fig. 3 . First, the adeno-associated viral vector carrying the bReaChES transgene 20 (AAV-DJ-CaMKII-bReaChES-TS-YFP) was injected into the medial prefrontal cortex (mPFC) of C57Bl/6J mice. After waiting 4 weeks for the mice to recover from the surgery and for the transgene to be expressed, we prepared acute brain slices for testing. Animal husbandry and all experimental procedures involving animal subjects were approved by the Institutional Animal Care and Use Committee (IACUC) and by the Office of Laboratory Animal Resources at the California Institute of Technology under IACUC protocol 1650.
The normalized photocurrent response was measured over 4 orders of magnitude by illuminating the tissue slice and recording the value of the steady state photocurrent as shown in Fig. 3(b) . Fig. 3(c) shows a schematic of the setup used to record photocurrents and photopotentials with the patch pipette. Sample photocurrent and photopotential traces are shown in Fig. 3(d) . The TRUE focusing technique enables a 30% (n = 6) photocurrent enhancement factor, defined as the ratio between the difference between the photocurrent with TRUE focusing compared to the no shaping condition and the photocurrent for the no shaping condition. The no shaping condition was created by shifting the pattern 100 pixels in each direction on the SLM to maintain the background intensity but remove the TRUE focus. Similarly, the membrane voltage traces demonstrate that TRUE focusing can be used to modulate neuronal firing. Because the TRUE focus can maintain a focus profile that is dictated by the size of the ultrasound focus even when the tissue thickness increases beyond the optical diffusion limit, this enables improved resolution compared to conventional focusing. This improved resolution is demonstrated in Fig. 4 . For conventional scanning, the input plane wave was tilted, generating a scanned focal point as shown in Fig. 4(a) . To scan the TRUE focus, the ultrasound focus was raster scanned and the TRUE focusing procedure performed at each location to generate a TRUE focus. In each scanning configuration, the normalized photocurrent enhancement was measured at each point and used to generate a 2D scan map for conventional and TRUE focusing as shown in Fig. 4(c1) and (c2) scan and FWHMs of 99 and 71 µm in the x and y dimensions respectively for the TRUE focusing scan. The results of these scans show that TRUE focusing is able to achieve a nearly 4× higher lateral resolution compared to conventional focusing. 
CONCLUSIONS
Developing methods to counteract scattering is important for improving the penetration depth of optical techniques. In particular, optogenetic modulation is an area of research where noninvasive methods for improved light delivery deep into tissue would help to improve the ability to study connections within the brain and move toward clinical applications. While techniques such as multiphoton microscopy can work noninvasively at depths of several hundred microns or more for neuromodulation, these methods are fundamentally limited by the number of unscattered photons which decreases exponentially with depth. In comparison, TRUE focusing enables multiply scattered photons to be harnessed to form optical foci.
The addressable depths demonstrated in this work were limited by the viability of cells located deep within the slices and the penetration depth of the DIC microscope which determined how deep neurons could be visualized for patching. While fluorescent indicators could in theory be used, these were not practical for our current experiments since the excitation wavelength for calcium indicators would have also excited neurons with opsins that match the 532-nm operating wavelength of the TRUE focusing system. Future developments of the TRUE focusing technique include improving the guidestar modulation efficiency, improving the photocurrent enhancement, and increasing the operation speed of the TRUE focusing system. As TRUE focusing moves to deeper penetration depths, the amount of light which passes through the ultrasound focus decreases, in turn reducing the amount of ultrasound modulated light which is detected by the DOPC system. While recent work has shown that DOPC systems can operate even at very low light levels 21 , the signal-to-noise ratio still limits the ultimate depths accessible with the TRUE focusing system 22 .
Another area for improvement is the photocurrent enhancement factor. To improve this enhancement factor, the peak-tobackground ratio of the TRUE focusing system must be increased, either by increasing the number of modes controlled by the DOPC system or by reducing the number of modes within the ultrasound focus by shrinking its size. Unfortunately, increasing the frequency of the ultrasound transducer to decrease the size of the focal zone is limited due to increasing ultrasound absorption at higher frequencies. Also, shrinking the size of the ultrasound focus below the size of a single cell may not help to increase the photocurrent enhancement factor since this will not increase the total energy delivered to the cell membrane. This leaves increasing the number of modes controlled by the DOPC system (i.e. the number of pixels on the camera and SLM) as the most feasible avenue for improvement. If the number of controllable modes of the DOPC system could be increased by a factor of 10, this would improve the peak-to-background ratio of the TRUE focusing system to ~12, which would enable more practical applications across the field of wavefront shaping.
A final critical consideration for future development is operation speed. Moving toward in vivo applications it is important to account for how blood flow and other physiological motion such as breathing will impact the TRUE focusing system. Unfortunately, the phase conjugation procedure requires the scatterers within the sample to remain stationary between the recording and playback phases for successful focusing. In vivo, the movement of blood is the primary factor contributing to the movement of the scatterers and results in sub-millisecond decorrelation times at depths of only several millimeters 23, 24 . Therefore, in order to successfully focus light at these depths, the TRUE focusing system must operate with a response speed shorter than the decorrelation time.
Unfortunately, as the number of pixels is scaled up to increase the peak-to-background ratio, attaining these operation speeds becomes even more challenging since the data must be transferred serially from the camera to a computing device and then transferred and displayed on the SLM. To solve this, we expect that integrated wavefront sensing and shaping devices will be necessary where each individual pixel acts as an independent capture, calculation, and modulation unit 25 . This will allow for the wavefront shaping procedure to be parallelized and enable the number of controllable modes to be increased in a scalable way without sacrificing speed. Such a device would also greatly reduce technical barriers (e.g., the difficult alignment procedure) which prevent the widespread adoption of wavefront shaping technology and enable scientists to more broadly incorporate wavefront shaping methods into their optical technologies.
